Semiconducting nanowires are promising ultrasensitive, label-free sensors for small molecules, DNA, proteins, and cellular function. Nanowire field-effect transistors (FETs) function by sensing the charge of a bound molecule. However, solutions of physiological ionic strength compromise the detection of specific binding events due to ionic (Debye) screening. A general solution to this limitation with the development of a hybrid nanoelectronic enzyme-linked immunosorbent assay (ne-ELISA) that combines the power of enzymatic conversion of a bound substrate with electronic detection is demonstrated. This novel configuration produces a local enzyme-mediated pH change proportional to the bound ligand concentration. It is shown that nanowire FETs configured as pH sensors can be used for the quantitative detection of interleukin-2 in physiologically buffered solution at concentrations as low as 1.6 pg mL
Introduction
Single-crystal, semiconducting nanowire field-effect transistor (FET) devices [1] [2] [3] [4] [5] [6] are attractive biosensors due to their extreme sensitivity to bound charges and potential portable format. [7] [8] [9] [10] Nanowire devices configured as solution-phase sensors or ion-sensitive FETs (ISFETs) have been demonstrated as ultrasensitive sensors for small molecules, [11] [12] [13] [14] [15] DNA, [16] [17] [18] [19] [20] proteins, [11, 12, 19, [21] [22] [23] [24] [25] [26] [27] and cellular function. [12, 28] However, solutions with physiological salt concentrations have ionic (Debye) screening lengths of %0.7 nm, effectively neutralizing the molecular charge of the bound ligand beyond this distance. Thus, detection of such surface-bound ligands requires measurements to be performed in a low-salt (1.5 mM) buffer to increase the Debye screening length. [19] To overcome this limitation, we devised a method that effects a pH change in a solution upon specific ligand binding. Our approach is similar to an enzyme-linked immunosorbent assay (ELISA), [29] but correlates protein presence with an enzyme-induced pH increase rather than the traditional colorimetric change ( Figure 1A ). Because of this similarity, we term our assay a nanoelectronic ELISA, or ne-ELISA. In our previous work, we used unfunctionalized nanowires as sensors to detect changes in the local pH microenvironment resulting from stimulation-induced alterations in cellular metabolism, [12, 28] and Wang et al. recently used nanowirebased pH monitors to determine glucose concentrations, demonstrating the utility of nanowire sensors for indirect full papers
[ Ã ] Prof. M. A. Reed, Prof. T. M. Fahmy, A. Vacic, y Dr. E. Stern molecular detection. [15] Increasing pH deprotonates surface hydroxyl groups on the nanosensors, resulting in a net decrease in positive gate charge and, in turn, a decrease in channel current for n-type devices. [30] By monitoring the ureaseinduced pH increase, we calculate the quantity of bound protein in a configuration that eliminates concerns over Debye screening in high-salt buffers [18, 19] and nanowirespecific functionalization schemes [12, 18] in a format that can be adapted for use in a variety of settings from the bench to the clinic.
Results and Discussion
Indium oxide nanowires were chosen because of their previously demonstrated utility as sensors. [23] [24] [25] As reported previously, these nanowires were grown by the laser-ablated hot-wall chemical vapor deposition method using a gold catalyst. [31] Devices were fabricated on 2-inch wafers with a global backgate, and contacts to the nanowires were defined with a nickel/gold (Ni/Au) stack, as detailed in earlier reports.
[2] After preliminary screening, the wafers were diced and functionalized, as shown in Figure 1B . [32, 33] This scheme solely functionalizes the gold leads, [32, 33] and thus the surface hydroxyl groups on the indium oxide nanowires are maintained and are available for protonation and deprotonation, [34, 35] which is necessary for measuring the solution pH. Figure 2 shows a scanning electron micrograph of a representative device, a %50-nm-diameter nanowire between Ni/Au leads.
Samples were first treated with v-mercaptocarboxylic acid (Figure 1B i) to confer carboxylic acid functionality to the gold leads through thiol-mediated self-assembled monolayer (SAM) formation, as shown previously. [32, 33] In this work, gold leads contacting the nanowires were used for convenience; however, any exposed gold surface in proximity to the sensor could be utilized. The gold surface is passivated by SAM formation, which can be demonstrated using cyclic voltametery. [36] In Figure 3 , the redox peaks due to the exposed gold surface are significantly reduced after functionalization, indicating the formation of a functional surface. [36] SAM formation on the gold leads minimally affects the electrical properties of the indium oxide nanowires. This is shown in the pre-and postfunctionalization dependence of the drain-source current on drain-source voltage, I DS (V DS ), for varying gate-drain voltage, V GD , in Figure 4 . The insets show the I DS (V GD ) dependence for the V DS ¼ 0.5V operating point used in all sensing experiments. The postfunctionalization characteristics show that SAM formation does decrease the threshold voltage (V t , thus increasing I DS for a set V GD in postfunctionalized devices), [30] but has a minimal effect on the transconductance at the operating point used for sensing (V GD ¼ 0V). Additionally, the subthreshold leakage current is also slightly increased, but to a level 100-fold lower than that used for sensing.
We first characterized the pH sensitivity of the In 2 O 3 nanowires. Conventional indium tin oxide ISFETs have been previously demonstrated to have a linear pH sensitivity between pH 2 and 12, [34, 35] thus we expected undoped In 2 O 3 to exhibit a similar response. The response of a characteristic device to changes in pH, achieved by completely exchanging the sensing reservoir with buffers of different pH (pH ¼ 8.0 initially, and pH ¼ 9.0 and 10.0, at times t ¼ 0 s and t ¼ 57.25 s, respectively) is shown in Figure 5 . The operating point for this device is V DS ¼ 0.5 V and V GD ¼ 0 V. The I DS of the n-type In 2 O 3 nanowires decreases with increasing pH due to the decreasing degree of protonation of the surface hydroxyl groups. Fluid injection induces transients that settle to a steady state within 20 s. Devices respond linearly to unit steps in pH in the pH 8-10 range.
To accurately calibrate the device's pH response, we measured the transconductance (g m ) while devices were immersed in solution. This is termed the solution transconductance. To create a reservoir for fluid handling, a poly(dimethylsiloxane) (PDMS) gasket [37] capable of holding %4 mL was placed over the die (see Supporting Information, Figure S1 ). Gating of the device was achieved through the solution by submerging the gate and reference electrodes into the buffer (the drain and reference electrodes were connected). Figure 6 shows the effect of solution gating a representative device. The device-to-solution leakage current (I LEAKAGE , Figure 6 ) remains two orders of magnitude below the device current (I DS ) for V GD < 0.8 V. Thus, to calculate the solution g m , a linear best fit is made to the solution-phase I DS -versus-V GD plot for 0 V GD 0.8 V. The device sensitivity shows a clear correlation between increasing pH and solution g m , demonstrated in Figure 7 for four different devices. A linear fit to this data yields a trendline that is within 6.7% error of the value of each I DS /DpH datapoint. The device sensitivity can be calculated by dividing DI per pH unit by the solution g m . The average sensitivity of the four devices shown in Figure 7 is 18.2 AE 1.2 mV per pH unit, a value below the maximum sensitivity of an ISFET, which is the ideal Nernst potential of 58 mV per pH unit. [13, 38] To demonstrate the capability of the ne-ELISA for the detection of labile macromolecules, we focused on the cytokine interleukin-2 (IL-2), whose presence reports on the activity of the T-cell immune response. [39] In the initial step, a capture IL-2 monoclonal antibody was conjugated to the carboxylic groups on the gold leads through its N-terminus ( Figure 1B ii). [40] This was followed by a washing step that removed unbound capture antibodies (all binding steps described below are followed by washes) and the subsequent placement of a PDMS gasket over the nanowire devices to create the sensing reservoir. Next, a bovine serum albumin (BSA) solution was used to prevent nonspecific protein adsorption to the chip and reservoir sidewalls, which is a typical blocking step used in conventional colorimetric ELISA protocols to minimize nonspecific binding. [29, 41] This was followed by the addition of IL-2 at varying concentrations (across different devices) to the reservoir ( Figure 1B iii) . A secondary, biotinylated antibody to IL-2 was then introduced (Figure 1B iv), followed by the addition of neutravidin, a tetravalent biotin-binding protein, [41] and biotinylated urease (Figure 1B v) .
The principle of the ne-ELISA is illustrated schematically in Figure 1B . Urease (here, bound via neutravidin-biotin to the secondary antibody) hydrolyzes free urea in the nanosensor reservoir according to the following reaction: [42, 43] 
Thus, the introduction of urea to the reservoir raises the solution pH, thereby decreasing I DS . [42, 44] Urea is added at a sufficient concentration for the urease to catalyze Equation 1 (%10 5 :1 molar ratio of urea to urease) at its maximum velocity, [40, 45] and thus the rate of change in I DS will correlate directly with the quantity of bound urease and, in turn, bound IL-2.
The operation of the ne-ELISA is demonstrated in Figure 8 . The reservoir was half filled (2 mL) with the sensing buffer (0.01X phosphate buffered saline (PBS) plus 150 mM sodium chloride) at an initial pH ¼ 8.0. [12, 19, 45] The devices were stabilized for 5-10 min under active measurement conditions (V DS ¼ 0.5V, V GD ¼ 0V). This equilibration time was required for the channel current (I DS ) to reach a steady state and is similar to that required for the elimination of initial background current in conventional ISFET glucose sensors. [46, 47] During the sensing measurements, 2 mL of a 100 mM urea solution in the
.0 buffer, was performed. All buffers were 0.01X PBS with 150 mM NaCl and were titrated using NaOH and HCl. same pH 8.0 buffer was manually added with a micropipette, and the solution was mixed by micropipette mixing for %5-10 s. Introduction of this solution occurred at t ¼ 0 in all figures. The response of a device to the presence of 12.5 pg mL À1 solution of IL-2 is shown in Figure 8 . The decrease in I DS and its continued negative derivative indicated that the addition of the urea solution resulted in a continuous drop in pH throughout the course of the measurement. The decrease in slope over time (similar to a conventional ELISA) is most likely due to a product of both the slowing of enzyme activity with increasing pH, [48] and the pH-dependant deviation (decrease) from ideal Nernstian behavior of an oxide surface. [49] The key detection parameter is the asymptotic current difference (DI pH ), calculated by subtracting I DS (t ! 40 s) from I DS (t < 0 s). Thus, the transient current spikes observed during urea addition and subsequent mixing do not interfere with the assay. For the device shown in Figure 8 , DI pH ¼ 68.0 nA. To demonstrate that this decrease in I DS was due to urease activity, and not due to the addition of the urea solution, a control device without bound urease was used. Upon introduction of the urea solution, a decrease in I DS of 1.8 nA was observed (DI pH ¼ 1.8 nA; see Supporting Information, Figure S2 ), setting this value as the assay's lower sensitivity limit.
The detection sensitivity of the ne-ELISA was determined by treating devices with decreasing concentrations of IL-2. We measured device responses to six serial dilutions of IL-2, starting with a concentration of 100 pg mL
À1
. The device response to the median concentration, 12.5 pg mL À1 , is shown in Figure 8 . The responses of the seven devices were converted into DpH changes by fitting the solution transconductance values of the devices (determined as described above after sensing measurements were completed) to the trendline determined from the control devices in Figure 7 . Due to the nature of the assay (Figure 1) , each device could be used only once, thus each datapoint is derived from a single device. Reproducibility of device response is not a concern since each device is individually calibrated prior to sensor use. The DpH versus IL-2 concentration is plotted in Figure 9 , and demonstrates the sensitivity of the assay as low as <1.6 pg mL À1 and in the range of IL-2 concentrations relevant for T-cell stimulation. [50, 51] We note that the DpH-versus-IL-2-concentration calibration curve is nonlinear, primarily because pH is a logarithmic scale (-log[H þ ]) versus linear analyte concentration (and to a lesser degree, the decrease in activity and response with increasing pH).
Although the minimum sensitivity shown here, <1.6 pg mL À1 , is only a factor of 2-4 better than conventional IL-2 ELISAs (USCN-LIFE, RayBio, and eBioscience kits), the power of this approach lies in the number of enzymes required to observe a signal. The results from the 1.6 pg mL À1 IL-2 sample were obtained from %8.4 Â 10 4 urease molecules (see Supporting Information), compared with the %5.7 Â 10 9 horseradish peroxidase molecules required to observe a colorimetric response in a conventional ELISA ( Figure S3 ). This fourorders-of-magnitude improvement is due to the significantly greater sensitivity with which pH can be measured with nanowires compared to that with which absorbance can be measured optically.
Conclusions
Using nanowires, we have demonstrated a novel method for quantitative protein sensing in solutions with physiological salt concentrations. This new application utilizes enzymatic activity to overcome the critical Debye screening limitation associated with nanowire-FET sensing. [12, 18, 19, 52] Given the generality of this approach for protein sensing, sensitivity can be practically tuned by adjustment of the surface area available for protein binding, or by choice of enzymes catalyzing solution ionic changes. Thus, the utility of this method is broad and durable, since it depends on the interplay between physical scaling of the devices and biochemical properties of the enzymes, in contrast with direct nanowire sensing, where sensitivity is solely dependent on nanowire dimensions. Variations of this technology with different device architectures or enzyme choices could potentially produce even more sensitive indirect nanowire sensors with fast response times operating in buffers with physiological salt concentrations, which can be of benefit in a wide variety of applications in biology and medicine.
Experimental Section
PDMS gasket fabrication: The silicone elastomer base and curing agent from the PDMS kit (Dow Corning) were mixed in a weigh boat in a 10:1 (w/w) ratio. The boat was then placed in a desiccator to remove air bubbles (%10 min). The solution was poured onto a microscope slide to a level of %5 mm above the glass slide and was subsequently baked for two hours at 65 8C to harden the PDMS. [37] A metal tube with a 1.5-mm outer diameter (Small Parts, Inc.) and a sharpened end was used to punch holes in the PDMS, and a razor blade was used to free the gaskets from the PDMS sheets. These gaskets were pressed onto dies to create the sensor wells ( Figure S1 ).
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Device fabrication: The In 2 O 3 nanowires used for this study were synthesized on a Si/SiO 2 substrate (Silicon Quest International) by the previously described laser-ablation-assisted chemical vapor deposition method. [31] In order to transfer the nanowires from this growth substrate to the 2-inch Si/SiO 2 wafers (degenerately doped; 200-nm oxide; Silicon Quest International) used for device processing, the nanowires were suspended in semiconductor-processing-grade isopropanol (Brand Nu Labs) by ultrasonic agitation (10-20 sec). Optical lithography was then used to create leads that contacted the randomly dispersed nanowires, as detailed in earlier reports. [2, 53] Briefly, a photoresist bilayer was applied (LOR10A/S1808; MicroChem, Inc.), patterned, and subjected to an oxygen plasma. Wafers were then loaded into an electron-beam (e-beam) evaporator (Denton Vacuum Systems) and deposited with a 50-nm Ni (99.9%, Kurt J. Lesker Co.)/200-nm Au (99.5%, Kurt J. Lesker Co.) stack. Lift off was then performed with N-methyl pyrrolidone (VWR Scientific). Note that the wafers were patterned with topside contacts to the degenerate Si prior to nanowire dispersion. The wafers were screened for functional nanowire FETs by measuring the dependence of the source-drain current (I DS ) on the source-drain voltage (V DS ) with varying gate-source voltage (V GS ). A Cascade Microtech automated probe station interfaced with a HP4156B semiconductor parameter analyzer controlled by in-house-written Lab View and Mathematica codes was used for screening. Leakage currents were <10 pA, well below device I DS levels.
Device preparation for cyclic voltammetry measurements: The gold-coated substrates used in cyclic voltammetry (CV) experiments were prepared by an e-beam evaporation of a 5-nm Cr (99.9%, Kurt J. Lesker Co.)/70-nm Au (99.99% Cerac, Inc.) stack onto Si wafers (Silicon Quest International) previously cleaned with piranha (1:3 H 2 O 2 :H 2 SO 4 ; J.T. Baker Co.), acetone (Sigma), methanol (Sigma), and deionized water and then blown dry with nitrogen. The substrates were then immersed in a solution of v-mercaptocarboxylic acid (1 mM) prepared in deoxygenated, absolute ethanol and left for 12 h in the dark in an inert atmosphere. [32] The samples were subsequently washed with ethanol, toluene (Sigma), and isopropanol (Sigma) and blown dry with a directed stream of nitrogen. The CV measurements were performed using a Gamry Femtostat using a Pt counter electrode (Ernest F. Fullham, Inc.) and an Ag/AgCl reference electrode fabricated by the electrodeposition of AgCl on an Ag wire (Ernest F. Fullham, Inc.) from a saturated aqueous solution of NaCl (Sigma). Biotin-urease conjugation: (þ)-biotinamidohexanoic acid hydrazide (biotin-LC-hydrazide; 3 mg; Pierce Scientific) was dissolved in dimethyl sulfoxide (DMSO) (500 mL, Sigma) and added to a solution of jack bean urease (1 mg mL À1 ; Sigma, Cat.
No. 94285) and 1-ethyl-3-[3-dimethylaminopropyl]carbodiimide hydrochloride (EDC; 5 mg mL À1 ; Pierce Scientific) in PBS (3mL; Sigma). [41] The reaction proceeded for 1 h at room temperature with shaking. After the conjugation was complete, the product was isolated by centrifugation using a 50-mL Amicon Ultra (Millipore, Cat. No. UFC905024) centrifugal filter tube with a 50 000 MW cutoff (four 30-min spins at 3000 rpm at 4 8C). The resulting biotin-urease was diluted to 0.1 mg mL À1 and stored at 4 8C.
Device functionalization: Dies containing working devices were diced from the wafer and were functionalized with v-mercaptocarboxylic acid as described above. The functionalized devices were first treated with a solution of the capture anti-IL-2 antibody (0.1 mg mL À1 ; BD Biosciences, Cat. No. 555051) in PBS with EDC (0.05 mg) and N-hydroxysulfosuccinimide (sulfo-NHS; 0.025 mg; Pierce Scientific) for 1 h. [41] Washing was performed three times using PBS, followed by the addition of a BSA (10%; Sigma) solution, after which washing was again performed. Next, IL-2 (Novartis) was added at varying concentrations, as described in the text, for 1 h. Periodic pipetting, up and down, was performed to maximize protein binding. After washing three times with PBS, a solution of avidin-conjugated anti-IL-2 detection antibody (0.1 mg mL À1 ) was added for 1 h. This conjugate was generated by adding equal molar amounts of streptavidin (Pierce Scientific) and biotinylated anti-IL-2 (BD Biosciences, Cat. No. 555040) and allowing the binding to occur for 15 min at room temperature in PBS. The conjugates were stored at 4 8C and used without further purification. After washing three times with PBS, a solution of biotin-urease (0.1 mg mL À1 ) in PBS was added for 1 h. Washing was again performed three times with PBS, and devices were then washed and stored in the sensing buffer (0.01X PBSþ150 mM NaCl, pH 8.0) directly prior to use. The sensing buffer was titrated to pH 8.0 with solutions of HCl (1N, J.T. Baker) and NaOH (1N, J.T. Baker).
Sensing measurements: First, a baseline current level was established with a 2-mL sensing buffer (see above) in the reservoir. A HP4156B was used for all sensing measurements. The PBS was diluted 100 fold to decrease its buffering capability; otherwise, the urease-catalyzed decrease in the [H þ ] would be buffered (no pH change would result). Device stabilization under active measurement conditions (V DS ¼ 0.5V; V GD ¼ 0V) required 10-20 min. After device stabilization, sensing experiments could be performed. The drain-source current was monitored versus time (active measurement conditions were V DS ¼ 0.5V, V GD ¼ 0V). After %60 s to establish a steady baseline current, 2 mL of a 100 mM solution of urea (Sigma) in sensing buffer was added (at t ¼ 0). The temporal response of sensor channel current (I DS ) to the addition of the 100 mM urea sensing solution to the pH 8.0 buffer in the absence of bound urease is shown in Figure S2 . The average DI pH for the control devices was 2.5 nA (DI pH for the device shown in Figure S2 is 3.1 nA) . After the sensing measurements, the devices were solution gated to determine the solution transconductance, which is required for sensitivity calculations.
